The purpose of this paper is to describe the incremental dynamic anisotropic viscoelastic properties of the middle descending thoracic aorta in ten living dogs. A segment of the middJe descending thoracic aorta was isolated in situ and connected to a reservoir filled with oxygenated blood. The height of the reservoir could be adjusted to impress a known pressure on the segment. In addition, a sinusoidal fluid displacement pump was connected to this assembly to superimpose small sinusoidal pressures at various frequencies (0-5 Hz); in another phase of the experiment small sinusoidal changes in length were also imposed on the segment. The pressure, the longitudinal force, and the length of the segment were monitored continuously with specially designed transducers. From these data, the incremental elastic (£') and the viscous (£") moduli in the circumferential (0), longitudinjl (z), and radial (r) directions were calculated around a given state of strain in the physiological range. In general, the viscoelastic moduli were functions of the initial stretches, indicating the nonlinear nature of the arterial wall. Within the physiological range cf pressure, EJ > E/ > E / (P<0.01) and E," > E r " > E,"(P <0.Ol). These results indicated that the vessel wall was anisotropic, having its largest values of elastic and viscous moduli in the longitudinal direction. The ratio of E"jE' < 0,123 at 2 Hz, indicating a small viscous component relative to its elastic counterpart. The elastic moduli increased markedly from 0-2 Hz and then settled down to a relatively constant value; this finding was consistent with previously published data. The values of E,' and E" from the in vivo experiments were higher than those from the in vitro experiments, and the difference was attributed to the vascular tethering present in the in vivo state.
• The elastic properties of the aorta have been of interest to physiologists, pathologists, and clinicians for tbe past 150 years. In more recent years, a more detailed and realistic picture of vascular rheology (1-4) has been needed for design of vascular prosthetics, analysis of pulse contours and speed of propagation, diagnosis of degenerative diseases, and evaluation of effects of aging on the vascular rheological response. Moreover, recent research by Fry (5) has suggested that the transport of proteins into the vessel wall and the integrity of the endothelial surface are influenced by associated mechanical events which, in turn, are functions of the rheological properties of the blood vessel wall. In light of these modern needs, we, as well as other investigators, have studied the isotropic viscoelastic behavior of the aorta in detail (2) (3) (4) . Since the blood vessels are really anisotropic (4), the assumption of isotropy imposes a severe theoretical restriction. In a previous publication (1), we described the static anisotropic elastic behavior of the middle descending thoracic aorta of 14 dogs. The present study extends these results to include the dyrtamic anisotropic viscoelastic properties of the same blood vessel of 10 living dogs. The theory and tbe results presented in this paper are necessarily more general than those presented before.
Theoretical Development
The theory we used to study the blood vessel dynamically involved superimposing steady-state sinusoidal deformations of small amplitudes (corresponding to the normal range of pulsatile blood pressure) on a constant state of large deformation (corresponding to the mean blood pressure). The pertinent theory, assuming that the blood vessel tissue is incrementally Linear and viscoelastic, is described below.
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PATEL, JANICKI, VAISHNAV, YOUNG ASSUMPTIONS
To keep the physics and the mathematics tractable, we made four simplifying assumptions in the development and application of the theory.
(1) The arterial tissue is homogeneous, i.e., the mechanical properties at one location in the arterial segment are the same as those at any other. ( 2) The arterial segment under consideration is a thin-walled circular cylindrical tube of constant thickness. ( 3) The arterial tissue is incompressible. (4) The arterial tissue is curvilinearly orthotropic.
Histologically, the first assumption is more justified for the circumferential and the longitudinal directions than it is for the radial direction; therefore, for the radial direction, our results should be considered merely as depicting average properties. Since for many practical applications only average properties are pertinent, this limitation is not serious.
The second assumption effectively neglects the slight decrease in the mean diameter and the thickness of the arterial wall along the aorta. For a properly chosen small segment (approximately 8 cm long in our experiments) this assumption is reasonable, since the ratio (R/fc) of the midwall radius, R, to the thickness, h, which is dominant in the formula for the circumferential stress (see below), remains essentially constant over the length of the segment (4) . The second assumption also asserts that the arterial cross section is circular; this assumption is realistic at all but extremely low intravascular pressures. The third and the most controversial aspect of the second assumptioa is the assertion that the arterial segment is thin walled. The implication is that the distribution of the circumferential stress across the thickness is uniform. It can be shown that, for isotropic linearly elastic materials, the consequent maximum error in the circumferential stress is approximately 50 hj R percent (4) . Since R/h in the present study varies from 8 to 11, the maximum error in the circumferential stress would be approximately 6$.
The third assumption, namely incompressibility of the arterial tissue, is well warranted under physiological states of stress as demonstrated by Carewetal. (6).
The fourth assumption of curvilinear orthotropy 1 is based on the work of Patel and Fry (7) According to this assumption, no shearing strains develop when the segment is subjected to a state of stress consisting of only circumferential, longitudinal, and radial normal stresses, as is the case in physiological loading.
NITIAL HATES OF STRESS AND STRAIN
Consider a vessel segment referred to the cylindrical coordinate system r, 6, and z, where r represents the radial direction, 6 the circumferential direction, and z the longitudinal direction coincident with the center line of the blood vessel. Let the segment be subjected to an intralmninal pressure p and an evenly applied additional longitudinal force F. Under our first and second assumptions, it can be shown that the only nonzero stresses are the normal (tensile or compressive) stresses S», S,, and S r along the coordinate Lines 0, z, and r, respectively.
(1C) Here we have assumed that the pressure on the outer surface of the vessel segment is zero. Eqs. la and lb can be proved using simple equilibrium considerations (4). Eq. lc merely takes the radial stress as the average of the boundary values of zero and -p on the outer and inner surfaces, respectively, of the vessel segment.
The state of strain corresponding to the state of stress given by Ss, S f , and S r can be ascertained from the stretches (or extension ratios) X*, A,, and K in the 9, z, and r directions, respectively. The stretch \e represents the ratio of the midwall radius in the stretched, inflated configuration to the midwall radius in the natural, unstressed state (corresponding to p = F = 0). Similarly, A, and K represent the ratios of lengths (L) and of thicknesses, respectively, in the two configurations. Thus, if RQ, LO, and h^ are the dimensions of the segment in the natural state, (2a) (2b) Xr = fc/?>o. (2c) Because of orthotropy, under the given state of stress, there are no shearing strains when the state of strain is described in the r-d-z coordinate system. Thus, the stretches given by Eqs. 2a, 2b, and 2c are principal stretches, and the condition of incompressibility is given by^A Ar = l.
We observe that when p = F = 0, \e=\ 1 = \ r = 1.
In view of Eq. 3, if two stretches are known, the third can be easily computed. Thus, experimentally one has to know only flo, Lo, ho, R, and L to determine X», A,, and Arj in other words, h need not be measured. If the tissue volume V o in the unstressed state is known, ho can be computed using the formula
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INCREMENTAL SINUSOIDAL STRESSES AND STRAINS
Suppose the aortic segment is subjected to a small sinusoidally fluctuating pressure increment Ap along with an additional longitudinal force increment AF sinusoidally varying with the same frequency w as the pressure increment. The initial stresses will then increase by amounts ASe, AS,, and AS r , and the initial stretches will increase by amounts A\$, AA Z , and AX?. By virtue of orthotropy of the blood vessel tissue, no incremental shearing deformation will ensue, and the incremental stretches will completely define the incremental deformation. Clearly, the incremental stretches will be subject to the incompressibility constraint.
In the following, we shall assume that the increments in stresses and stretches are small enough so that they can be replaced by the corresponding differentials. Expanding Eq. 5 and neglecting products of differentials, where eg, e,, and e r are the incremental strains defined by
If AR, AL, and Ah are the sinusoidally varying increments in R, L, and h, respectively, then using Eqs. 2a, 2b, and 2c, e e = AR/fl, (8a) e, = AL/L,
incremental strains and stresses in terms of the measured or calculated quantities Ap, AR, AF, AL, p, F, R, L, and h.
COMPLEX REPREIENTATION OF SINUSOIDALLY VARYING QUANTITIES
In the subsequent development of our theory, we shall use the method of representing sinusoidally varying quantities by complex numbers. Such a representation greatly simplifies algebraic treatment and provides for a better visualization of physical quantities when the corresponding complex numbers are drawn on a phase diagram (Fig. 1) .
The sinusoidally varying incremental pressure Ap can be explicitly written as Ap = |Ap| srn(arf + <£>), (10) or as Ap = |Ap| cos(<ut+ 0 ) , (11) where |Ap| is the amplitude of the incremental pressure about tie mean pressure p, <j> is the phase angle which h referred to an arbitrarily chosen time ( = 0, and a> is the angular frequency in rad/sec f the frequency in Hz is given by 2TT(O ). Representations given bv Eq. 10 and 11 are equivalent except the choice or the instant t = 0 differs by TT/2W. In a third type of representation, i.e., the complex representation, Ap is expressed as
where in the last equality we have used Eq. 6. The incremental strains can thus be determined by measuring AR, AL, R, and L. If Pe, Pi, and P r are now used to denote the sinusoidally varying incremental stresses, they can be computed as the differentials of the stresses Se, S e , and S r given by Eqs. la, lb, and lc. After eliminating Ah in favor of AR and AL, we have the following expressions for the incremental stresses:
where i' = V ~1 and e is the base of natural logarithms. Ap can be represented as a rotating vector on the phase diagram. In Figure 1 the positions of Ap, AR, AF, and AL at t = 0 are shown. The orientation of AR at t -0 has been arbitrarily chosen to be along the real axis. Thus, at t = 0 we have the following complex representations for Ap, AR, AF, and AL: Ap = |Ap|e*, (13) AR = |AR|, (14) AF = |AF|c* (15) AL = |AL|e*\ (16) where $, a, and \\i are the phase angles (ranging from 0 to 2n rad) and |Ap|, |AF|, and |AL| are the moduli of Ap, AF, and AL, respectively. The picture at time t can be obtained by keeping the axes fixed and rotating the pencil of vectors Ap, AR, AF, and AL counterclockwise as a rigid body through an angle at.
The derived sinusoidal quantities Pe, P t , P r> es, e,, and e r can also be represented as complex The complex incremental stresses and strains are related as 2 for the aortic tissue at the basic state of strain given by \e and A. *. Eq. 17 states that the circumferential strain depends not only on the circumferential incremental stress Pe but also on the longitudinal and radial incremental stresses P t and P r , respectively." The negative signs for C, t (i^j) have been chosen for convenience. The linearity of stress-strain relations is justified on the basis that, although the overall response is nonlinear, for sufficiently small incremental strains the incremental response is linear. In practice, for the arterial tissue we have found (8) that so long as the incremental strains remain within 4% of the large initial strain, the stress-strain relation remains linear (.within 52).
Eqs. 17-19 also state that incremental shearing stresses, if applied, do not affect the direct strains e r = Ji(P;-P s )C<N PATEL, JANICKI, VAISHNAV, YOUNG assumption of incremental orthotropy with the geometric axes r, 6, and z as the axes of symmetry. For a complete statement of incremental properties of the aortic tissue, three more equations relating incremental shearing stresses to incremental shearing strains should be appended to Eqs. 17-19, but, for physiological loading consisting of only an intraluminal pressure and a longitudinal force, these equations are not pertinent.
For an incrementally isotropic response,
his assumption, however, is not valid in general; even for a material with a nonlinear, initially isotropic response, the incremental properties in the 6, z, and r directions would be different since, in general, A$ ^ X z ^ A,.. Consequently, we shall not assume that Eqs. 20a and 20b hold.
On the other hand, we shall assume that the C tj in Eqs. 17-19 obey the symmetry conditions
(21c) These relations can be shown to hold if we assume that for incremental deformations of the arterial tissue an incremental strain-energy density function and an incremental dissipation function exist and that they are quadratic forms in incremental strains and strain rates, respectively (9) .
Eqs. 21a-e reduce the number of independent constants by three. A further reduction of three is obtained by using Eq. 6, which should hold for all values of Pa, P t , and P r for the tissue to be incompressible. Thus, from Eqs. 17-19, which can be used to express C(j C i} (*'=/). Thus, 
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For a chosen state of complex incremental stress and the corresponding state of complex inciemenUl strain, we obtain three complex equations in the three complex coefficients Cee, C m and C^. However, in view of the incorrtpressibility constraints given by Eq. 6, only two of these equations (say, 28 and 27) are independent; consequendy, the set (Eqs. 26-28) cannot he solved for Cee, C a , and C rr . To circumvent this difficulty, another set of two independent equations is required. This set can be developed by choosing another state of incremental strain around the same initial state of strain. Care is required in choosing the two states of incremental strains so that they yield significantly different values of the strain ratios eoje, and ee/e,-. Any three of the two pairs of independent equations can then be used to solve for the three complex coefficients C«, C a , and Crr-Alternatively, all four independent equations can be solved by the method of least squares for C95, C a , and Crr-The remaining dj in Eqs. 17-19 can then be determined using Eqs. 21a-c and 23-25. The procedure of obtaining four independent equations has to be repeated at each state of initial strain at which incremental properties are required and for each given initial state of strain at all values of to of interest.
For better physical interpretation, Eqs. 17-19 may be rewritten as
where E$, E z , and E r are complex elastic moduli similar to Young's modulus and cr^ are six complex coefficients similar to the familiar Poisson ratio of die theory of linear Isotropic elasticity. 4 The new constants are related to C it as E»=l/Ce.,
By virtue of Eqs. 20a and 20b, only three of the six Poisson ratios are independent; however, in general, o-y^Cty.
By adding Eqs. 29-31 and requiring that Eq. 6 hold for all values of P e , P r , and P r , for orthotropic incompressible materials, o-rf + ove = ere. + oy, = o> + a v = 1. (35) Eq. 35 (actually three complex equations) is a generalization of the familiar requirement of the Poisson ratio being equal to % for isotropic incompressible linearly elastic materials. The physical significance of the complex character of Et, £,, E r , and cr it can be as follows. Consider a narrow circumferential strip of the segment stretched by appropriate initial stresses So, S t , and S r to desired stretches Xt and i £ . Apply a sinusoidal incremental stress P$, keeping S. and S r constant. As P t = P r = 0, Eqs. 29-31 become e 9 =(l/£«)Pe, (36a)
(37c) If Pe and eg were in phase, their ratio Ee would be a real number, as is the case for a purely elastic material. In general, the tissue being viscoelastic, Pe and ee will differ in phase, and E» will be complex. In a similar manner, e x and e, will not be in phase with ee in general, and hence ove and cr^ will also be complex. A similar explanation holds for E x , E n and the remaining cr, y .
We now recall tiiat a complex number Z can be represented in two forms:
where X and Y are the real and the imaginary parts of Z, respectively, and \Z\ and y are the modulus and phase of Z, respectively. The two pairs of quantities are related as define the real and the imaginary parts of the various incremental constants. 5 The use of a minus sign in front of Cy" is for later convenience,
The following equations then hold among the real and the imaginary parts of these constitutive coefficients.
(45a)
In the above equations j and / variously stand for 0, z, and r. In the theory of linear viscoelasticity (10) , E{ is referred to as the "storage modulus" since it reflects predominantly the elastic nature of the material (and, hence, the stored energy), and E t " is referred to as the loss modulus" since it reflects predominantly the viscous nature of the material (and, hence, the rate of energy loss).
Methods
In this section we outline the general experimental protocol, give a detailed description of various instruments, and then describe the procedures used for calculation of various parameters.
EXPERIMENTAL PROTOCOL
Ten dogs weighing 24.2-39.1 kg (average weight 30.7 kg) were studied under sodium pentobarbital anesthesia (about 30 mg/kg). The dog's chest was opened, and adequate ventilation was maintained with a positive-pressure respiratory pump, which, during periods of data collection, was interrupted momentarily at end-expiration. The experimental setup is shown in Figure 2 . The middle descending thoracic aorta was exposed, and a segment 8 cm long (length L) was chosen for study. The segment considered was approximately 6 cm distal to the origin of the brachiocephalic artery. All intercostal arteries within this segment were ligated adjacent to the aorta. Dissection of periaortic tissue was kept to a minimum. The external radii at both ends of the segment were measured with Vernier calipers, and from these measurements two plastic cylindrical plugs were chosen to snugly fit the lumen at each end. The segment was then isolated and bypassed from the main systemic circulation.* The plugs were inserted at each end and externally tied to the segment. The proximal plug was connected to a reservoir filled with oxygenated blood (oxygen saturation 95%). The height of the reservoir was variable, allowing for the adjustment of intraluminal segment pressure. A pressure gauge was connected to the segment lumen via a needle containing a side hole near the tip, which extended to about the middle of the segment. The distal plug had a hollow metal rod with a Luer-lock fitting screwed into it. Depending on the phase of the experiment, the distal end of the segment was either closed or connected to a sine-wave fluid displacement device. The segment pressure was adjusted to the same mean value at which the segment length was initially marked. The variable length apparatus for measuring force and changes in length was attached to the special coupling collars on the rods immediately adjacent to the plugs through its legs. With this apparatus the segment length was restored to length L. A radius-sensing device was then sutured to the middle of the segment.
At the beginning of an experiment, tissue hysteresis eifects were minimized by inflating and deflating the vessel for two cycles over a pressure range of 30 to 190 cm H 2 O (1). The experimental design to obtain data computation of viscoelastic constants consisted of two phases: (1) variable length, constant volume and (2) constant length, variable volume. Pressure, radius, and force measurements were recorded in both phases; in addition, (1) the segment length was recorded in the variable-length phase and (2) a signal representing intraluminal segment volume was recorded in the variable-volume phase of the experiment.
During the variable-length phase of the experiment, the fluid displacement device was removed, the distal plug was closed, and the tuhing leading to the reservoir was clamped just proximal to the insertion point of the pressure needle. At this point, the segment was tested for leaks by checking its ability to maintain a constant pressure. The length of the segment was then sinusoidally varied at (|AL| =0.064 cm) at various frequencies (0.5, 1, 2, 3, 4, and 5 Hz), using a sinusoidal driver; in addition, a static change in length representing zero frequency was also imposed on the segment. A repeat frequency of 2 or 3 Hz was used to test reproducibility.
During the variable-volume phase of the experiment, the segment length was restored to L, the fluid displacement device was attached to the distal plug, and the reservoir tubing was clamped. The volume was then varied sinusoidally (|AV t | "»0.4 ml) at the same six frequencies. In five of the ten dogs, the vessel segment was studied around three mean pressures. In six of the ten dogs, the experiment was performed both in vivo and in vitro. Throughout the experiment the vessel segment was kept moist. The temperature of blood in the segment remained around 26-27°Q At the end of the experiment the segment was removed and stripped of its surrounding tissues up to the adventitia. It was then slit open longitudinally, and the unstressed length (L o ) and circumference were measured. The value of unstressed radius (Ro) was obtained by dividing the value of unstressed circumference by 2TT. Finally, the segment wall volume ( V o ) was determined by measuring the loss of weight when the segment was suspended in distilled water.
DETAILS OF INSTRUMENTATION
Pressure Measurement.-Pressure was measured with a Statham F23DB transducer (P in Fig. 2 ) coupled to the vessel lumen through an 18-gauge needle and a polyethylene catheter (PE 160). The frequencyamplitude response of the system was uniform (within 5%) from 0 to 25 Hz, and the phase lag was linear with Orcidaion Rtiurcb, Vol. XXXII, ) *murj 197} frequency in this range. An appropriate correction for the phase angle was incorporated in the data.
Radius and Volume Measurements-Radius and volume were measured using an electrical caliper. Details of this type of displacement-sen sing device have been described previously (11) .
The radius-sensing gauge (R in Fig. 21 was used only as i monitor of mean radius, because errors due to coupl i ng of the device to the vessel wall (1) rendered it inadequate for instantaneous measurement of radius. Therefore, dynam ic radius chan ges were obtained indirectly from the measurements of length and volume. This procedure will be discussed in detail in the section en computation procedures.
The fluid displacement device (F in Fig. 2 ) was very similar in design to a device described by Tucker et aL (12) . Briefly, it consisted of an adjustable eccentric cam connected to a calibrated syringe. The volume gauge (K in Fig. 2 ) was attached to the syringe part of the fluid displacement device. Bodi legs of the volume PATEL, JANICK1, VAISHNAV, YOUNG gauge were hinged and held firmly in place by steel springs; one leg was fastened to the syringe piston and the other to the syringe baneL The connection of the syringe to the vessel segment was rigid, and, therefore, the volume gauge accurately monitored changes in the dynamic lumen volume (Vj) of the segment or changes in the internal radius (RJ during the constant-length phase of the experiment. The gauge was calibrated by measuring the volume output of the syringe with a graduated cylinder several times.
Length and Force Measurements.-Mean length cf the vessel segment was measured with a pair of Vernier calipers. The longitudinal force and the changes in length were measured as functions of time with a specially designed apparatus (G in Fig. 2 ) which was similar in principle to the variable length force gauge described previously by fanicki and Patel (13) . The primary modification was made to the movable leg (H); it could be sinusoidally driven by an adjustable eccentric cam connected via a shaft to the movable leg. The length gauge {M) and the force gauge (N 7 ) were an integral part of the variable-length gauge. The design of the length gauge was almost identical to that of the radius-sensing device and the volume gauge. The legs of the length gauge were coupled to the variablelength apparatus by hinges so that the relative movement between the legs of the variable-length gauge could be sensed.
The force gauge consisted of conventional foil strain gauges mounted on a stiff flat shim. Calibration against known increments of force showed that the force gauge was linear within ± 1% with little, but measurable, hysteresis or creep. The force displacement coefficient was 25,800 g/cm. Thus, for the incremental longitudinal force encountered in this study, the intemil displacement of the force gauge was very small (0.002 cm).
The dynamic responses of the length and the force gauges were tested before and after tie main experiment by using a steel spring in place of the vessel segment and sinusoidally driving the system over the experimental frequency range. The length and the stiffness of the spring were chosen so as to permit an elongation equivalent to that in the in vivo experiments. The phase angles obtained in the spring experiment were attributed to the inherent viscoelasticity of the force and the length gauges, and the values for the phase angles obtained in the actual experiments were appropriately corrected.
In addition to the above data, timer signals indicating the beginning of a cycle were recorded. This recording was accomplished by having microswitches (not shown in Fig. 2 ) mounted on the fluid displacement device and the variable-length apparatus. Once every revolution of the cam the switch would close momentarily, and a voltage-step was recorded. All data were recorded simultaneously on a FM tape system (Ampex FR 100) and on a direct-writing recorder (Hewlett-Packard model 7848A) for observ*-tion and subsequent analysis.
COMPUTATION PROCEDURES
The data recorded on analog tape were edited and digitized at a rate of 500 samples/sec. Then, for each frequency, a series of three or more complexes were subjected to Fourier analysis. For each measured event a mean value (pressure p, external radius fl,,, force F, and length L or segment volume V ( ), a modulus of the incremental sinusoidal value (|AP|, ]ARj, AF|, and |AL| or |AV t |), and a phase angle (6 P , 0 St , 9p, and Q L or 6 Vi ) were obtained. As mentioned previously, the quantities Afl and B K were subject to error and had to be obtained indirectly from the quantities \L or AVj, and 6 L or 0 V( -For the variible-length, constant-volume phase of the sxperiment we have
where V, is the total segment volume (fluid and vessel wall). Taking the differential of Eq. 49 gives AV, = TTR, 2 AL + 27rR(,AReL.
Since the tissue of the segment as well as the fluid contained in the segment are incompressible, AV, = 0. 
The phase angles relative to R, of p, F, and L were then calculated as
a = e F -e B ,
. _ \tr (variable-length, constant-volume experiment) T ~ JO (constant-length, variable-volume experiment).
The value of 6 F used in calculating a was corrected for phase lag as discussed previously.
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Finally, the wall thickness h was calculated from the wall volume V o on the basis of tissue incompressibility (6). At this point, all the quantities required to calculate the incremental strains and stresses as given by Eqs. 7a-c and 8a-c were known. Therefore, for each frequency, the complex quantities e s , e K P#, P B and ? r were calculated for both phases of the experiment. To distinguish between the two phases of the experiment, the quantities ccmputed for the variable-length phase of the experiment were referred to as e 8 *, e / , P e \ P t ', and P r *. These quantities were then substituted int9 Eqs. 26 and 27, and a system consisting of four complex equations and thiee unknown complex quantities C M , C ct , and C^. was obtained: two of these complex equations were obtained from the variablelength, constant-volume phase of the experiment and two from the constant-length, variable-volume phase. This system of four equations was then solved using a standard least-squares technique. The next step in this procedure was to substitute the calculated values of C w> C CI , and C rr into Eqs. 23-25, thus obtaining C K C rf and C ( j. With these latter quantities, the six complex Poisson ratios as given by Eqs. 33a-c and 34a-c were calculated. Finally, C«, C w and C^. were converted into their more familiar form of storage and loss moduli using Eqs. 45a and 45b.
Results and Ditcuuion
IN VIVO STUDIES
The results from ten dogs are summarized in Table 1 and Figures 3 and 4 . The data, consisting of 20 experimental points at each frequency, were divided into the following four groups according to the range of the extension ratios, Xe and X,: group 1, low \j, low A«; group 2, high Xe, low X,; group 3, low \e, high k z ; group 4, high X«, high X,.
For each group, a summary of raw data averaged for all frequencies appears in Table 1 . As can be seen, all experiments were carried out in the physiological range of pressure, with p varying from 128 to 158 cm H 2 O. In general, R increased with X». The R/h ratio varied from 7.9 to 11.4, which is in agreement with similar ratios reported by others and is considered adequate to permit calculation of wall stresses based on the thin-wall theory (1, 14) .
The values of incremental stresses and strainj (Pe, P c , P r , Pe\ PA P r \ ee, e,, e B *, e<f, and e r *) were small compared with the values of average stresses and strains (So, S fi S/, SA X*, and X,. The incremental stresses and strains were purposely kept small to permit the theory of linear incremental viscoelasticity to apply.
The values of S r and X, were not included in the table because they could be easily calculated from Eqs. lc and 3. Moreover, the relations between the various incremental strains shown in the table arise CkcMtttion Rtsurcb, Voi XXXll, J****ry 197} because of our experimental design. For example ee = -e r because during the constant-length experiment e, = 0. Also in the second part of the experiment when the length of the segment was allowed to vary, the intraluminal volume was held constant; this condition imposed a constraint resulting in the equation e* --leo*= -2e,*.
In Figure 3 the incremental viscoelastic moduli for in vivo studies are plotted against frequency. Since the in vivo data were divided into four groups, there are four values for a given modulus at each frequency. Certain features of these plots are noteworthy. (1) In general the storage moduli are functions of the initial stretches, As and X,, indicating the nonlinear behavior of the arterial wall. The interrelations among these values in various groups for a given viscoelastic modulus are summarized below. The statistical comparison between any two groups was based on pairing mean values at each frequency and using a paired ttest. In descending order of magnitude of E e ', the four gioups were 4, 2, 3, 1 (P < 0.01 for each comparison). This finding shows that E$ is influenced more by Xs than by X f . The corresponding group arrangement in E,' was 3 and 4, 2, 1 (P<0.01 for each comparison); no significant difference was seen between groups 3 and 4 (P > 0.9). This finding implies that E, is influenced markedly by X,, and for large values of X, this modulus is relatively uninfluenced by Xe. The values of E r ' in group 4 were larger than those in group 2 (P < 0.01), and the values in group 3 were krger than those in group 1 (P<0.01). No significant difference was seen between groups 2 and 3 ( 0 . 2 < P < 0 . 3 ) . Thus E r ' appears to be influenced about equally by X e and X r (2) The values of E" in group 1 were less than those in the remaining groups (T < 0.01 for each comparison). No clear pattern of dependence of Ee" and E," on As or A, was evident. (3) In general, E,'> Eg > E/ and EJ'>E r ">E/' (P<0.01 for each comparison ). These results indicate that in the physiological pressure range, the vessel wall around a given state of strain was anisotropic, having different values of storage and loss moduli in the 0, z, and r directions, with the largest values for both moduli occurring in the z direction.
It is possible to observe such anisotropic behavior even in isotropie materials with large deformations when different amounts of initial stresses are imposed in the z, 6, and r directions (1, 15) , since one is then looking at different parts of the
Summary of ExparimeiUal Data
No. a p (cm rteriea studied H,O)
S, s. For each group average values ± BE of various parameters are shown. The valuoe represent averages over all frequencies for the number of arterial segments included in each group, p ** pressure, R = midwall radius, and h = thickness. X» and X, are the extension ratios (stretches) in the circumferential and longitudinal directions, respectively. JSI and S. are the initial stresses in the 6 and the z directions. «., «,, and e, are incremental strains in the circumferential (9), the longitudinal («), and the radial (r) diractiorn, respectively, and P,, P., and Pr are the incremental BtreuBea in these directions. The starred qu phase of the experiment. The bars around P., P,, etc. denote the amplitudes of these sinusoidal quantities. nonlinear stress-strain curves for each direction and finding different values of incremental moduli. Thus, irrespective of whether the elastic properties of a blood vessel are initially isotropic or antsotropic, one is likely to find anisotTOpic behavior locally when the stress-strain relations are studied around a given mean pressure. Therefore, the isotropic incremental elastic modulus can only serve as i useful empirical parameter; it cannot describe the true material properties. (4) The ratios of loss to storage moduli were small (<0.12) in all cases, indicating a predominandy elastic behavior of the wall with a small viscous component. However, the viscous effects in the z and r directions (as shown by the ratios, £ , " / £ / = 0.12 and E r "/E r '= 0.09) were significantly greater (0.05 > P>0.02) than the viscous effect in the 9 direction (as shown by Ee'lEe =0.01). The observation that E / 7 E / > E»"IEt implies that the energy loss per cycle of sinusoidal deformation associated with the longitudinal direction is larger than that associated with the circumferential direction. Thus, most of the energy of the pulsatile blood flow, which is
Circmitiitm Rtl-rcb, Vcl XXX11, Imttun 197} issociated with circumferential strains in the vessel wall, is transmitted forward with minimum loss. On the other hand, energy fluctuations due to accelerations and decelerations that can cause longitudinal pulsatile strains are rapidly attenuated (16) . (5) Both the storage and the loss moduli were functions of frequency in the range of 0 to 5 Hz. The storage moduli E$, E,', and E r ' increased markedly initially from 0 to 2 Hz and then tended to settle down to a relatively constant value. This finding is perhaps a manifestation of the viscous effect which is most marked in the z direction as evidenced by the value of the ratio (E c ' at 2 H z ) / ( E / at 0 Hz) = 1.50, which was significantly greater (P <0.01) than similar ratios in the 0 and r directions, having values of 1.15 and 1.14, respectively. The loss moduli E s ", E B ", and E r " tended to increase slightly with frequency. The plots of the real and the imaginary parts of the three complex Poisson ratios crei, ov, and o>e are shown in Figure 4 ; the real and the imaginary parts of the remaining three Poisson ratios o>, ov,, and <Je r can be calculated easily using Eq. 35. It can be seen that both o\/ and 0" ( /' are affected very little by frequency in this range. The overall average values for o\/ and o\/' as well as the ratio <r</'/o'#' are shown in Table 2 . It can be seen, that although the absolute values of cr,/' are small, the absolute values of the ratios <7(/'/<T 4 / are comparable in magnitude to the corresponding ratios for the complex moduli Ee, E r , and E r .
IN VIVO VERSUS IN VITRO STUDIES
The results from six in vitro studies are also shown in Table 1 and Figures 3 and 4 . It was not practical to divide these data into various groups because we had only six experimental points. However, die in vitro results could be roughly compared with the in vivo data for group 2 since the initial stretch, A^, for these two groups was comparable. In general the values of all viscoelastic moduli, except E>", decreased compared with their in vivo counterparts.
A more precise comparison was possible in four of the six dogs since these were studied in vitro as well as in vivo at essentially the same values of intravascular pressure and initial stretch (P -147 cm H 2 O, ^= 1 . 5 6 , and X,= L57). At 2 Hz, the following changes were noted in the in vitro values of viscoelastic moduli. Ee decreased 1% (0.05<P <0.1); E," increased 27% (0.6 < P < 0 . 7 ) . E,' decreased 36* (P<0.01); E z " decreased 50* (0.05 < P < 0.1). E r ' decreased 15* (O.K P < 0.2); E r " decreased 13* ( 0 . 5 < P < 0 . 6 ) . Thus it can be seen that the value of E t decreased markedly.
Using data from a previous study (17), we estimated the contribution of vascular tethering to the in vivo longitudinal storage modulus, E/, and the loss modulus, £/'; these values were 35% and 243S, respectively. Thus we concluded that the 36? decrease in the in vitro values of E," noted in the present study could be explained by removal of longitudinal tethering of the vessel segment; the decrease in E z " could also be explained partially on this basis.
REPRODUCIBIUTY OF RESULTS
In nine dogs, the experiments in vivo as well as in vitro were repeated at 2 or 3 Hz. The viscoelastic properties were then compared at the same values of X« and \,. The reproducibility of the various moduli was: E» 2±0.3X SE, E e " 55±16? SE; E/ 2 ±0.4* SE, £ / ' 39 ±16* SE; E r ' l ± 0 . 4 I SE, E r " 22 ± 2* SE. It can be seen that all the storage moduli were reproducible within 2%, indicating the stability of the preparation over the period of the experiment However, there is a wide scatter in the values of the loss moduli, especially in E"; this scatter may be in part due to the small magnitude of the loss moduli as compared with the storage moduli.
COMPARISON WITH OTHER STUDIES IN THE LITERATURE
To our knowledge the anisotropic viscoelastic properties of a blood vessel have not been previously studied in a living animal, and therefore no direct comparison of the present study is possible. However, a limited amount of indirect comparison, to test the internal consistency of the present study, is possible with the following studies in the literature.
Patel et al. (8) studied the in vitro properties of the middle descending thoracic aorta of dogs in a direct fashion. The blood vessel was opened, and the properties were studied in the radial direction on a tissue test stand. Their results are compared with the in vitro results of the present study in Table 3 . A reasonable agreement can be seen between the two studies in the values of E,' when one makes an allowance for the lower value of X, in the present study, which implies a greater initial compression of the tissue and therefore a higher incremental modulus of elasticity, E r '. The value of E r " in the present study was higher than that in the study of Pate] et al. (8) in which the blood vessel was opened up prior to testing. One wonders whether the viscosity of blood contributes to the overall measured values of wall viscosity in the present study, thus accounting for a higher value of E r ".
Patel et aL (1) studied the static anisotropic elastic properties of the middle descending thoracic aorta in dogs. As mentioned before, the static values of the elastic moduli ( E / at 0 Hz) were also obtained in the present study as a special case. The in vivo results from both studies at comparable values of ke and i r are shown in Table 4 . A reasonable agreement between the two studies is apparent.
Bergel (2) reported in vitro dynamic isotropic viscoelastic properties of the middle descending thoracic aorta from ten dogs. Using our in vitro data from six dogs, we calculated the incremental isotropic viscoelastic moduli, E tn< ,' and E lnc ", similar to Bergel's. The results are shown in Table 5 . Since no data concerning initial stretches were available in Bergel's study, the values of mean pressure, p, are shown in Table 5 for comparison purposes. It can be seen that the agreement in E lac ' is reasonable when one considers the effect of higher pressure in the present study. The value of E lnc " in Bergel's study was higher than ours; however, Gow and Taylor (3) reported that E| n< ." = 280 g/cm 2 for in vivo experiments in the middle descending thoracic aorta. The review article by Patel and Vaishnav (4) gives a detailed comparison of incremental isotropic elastic moduli from various studies.
MODEL FITTING
The viscoekstic properties in the present study have been described in general terms using storage (Ei ) and loss ( E " ) moduli which are functions of frequency as well as of initial strain. Marjy workers (14, (18) (19) (20) (21) spring and dashpot combinations to fit such data over various frequency ranges. Since in our experiments the frequency range was limited from 0 to 5 Hz, we chose to select two simple models to fit our data. The two models with their responses are shown in Figure 5 together with the in vivo experimental data for group 3. Model parameters were chosen to fit the eiperimental dita exactly at 2 Hz. Model 1 consists of a spring and dashpot in parallel. For such a model, £ / = Ki and E{' = wCj, where K< are the dynamic spring constants and c ( the viscous coefficients in the r, 9, and z directions.
If Kt and c f were independent of frequency, E" would increase linearly with frequency. However, by taking c t to be inversely proportional to the frequency, one can approximate the observed behavior of E" as seen in Figure5. Thus the model fits the experimental data reasonably well except for Ei in the very low-frequency range. If the lowfrequency E 4 ' are to be reproduced more faithfully, we can choose a three-parameter model (model 2 in Fig. 5 ) obtained by a parallel combination of a spring (Ki) with a series combination of a spring and a dashpot (K 2 and C 2 ). The parameters K u K 2 , and C 2 here are independent of frequency. We observe that the fit for model 2 is more realistic, even in the very low-frequency range, except for Ei". By taking the dashpot viscosities to be inversely proportional to frequency we could have improved the fit for E r ", but only at the expense of E/.
It is not our purpose here to propose a specific model for representation of viscoelastic behavior of Incremental vitctyglattic moduli vs. frequency. In doo data from group 3 are fitted to the two models thown as inserts in the figure. The model parameters were chosen to fit the data exactly at 2 Hz. Note that model 1 fts the data reasonably well beyond 2 Hz, whereas model 2 fits the data icefl (except for Ef) in the whole frequency range. blood vessels; we only indicate the general procedure to be used when a particular application requires a model representation. Depending on the complexity of the chosen model one can represent experimental curves with increasing fidelity.
In conclusion, we have developed a realistic mathematical theory to study the incremental anisotropic viscoelastic behavior of large blood vessels. The theory was successfully applied to in vivo studies in dogs. The dynamic properties of the middle descending thoracic aorta were evaluated around an average state of strain. The initial dimensions were included so that one could locate precisely the point where the incremental properties were evaluated on the overall nonlinear stress-strain curve. In this framework the incremental viscoelastic constants represent the true material properties at a given state of strain.
Footnotes
iMaterials exhibiting symmetry of properties with respect to three perpendicular planes are called orthotropic materials. An element of an aortic segment exhibits orthotropy with the local r, 0, and I planes as the planes of symmetry. Such a property is called curvilinear orthotropy. 2 The subscripts i and / in Cw variously stand for Q, i, and f. 3 This dependence is the familiar Poisson effect in the theory of linear isotropic elasticity. 4 crJ( represents the complex contractile strain in the i a direction due to a unit elongating strain in the )"' direction.
"The subscript t in Et variously stands for 0, z, and r. 6 In a previous study (6) it was shown that, on injection of norepinephrine into the main circulation, the segment responded by an increase in its longitudinal force and » decrease in its external diameter.
